Abstract-The exact mechanisms by which defibrillation shocks excite cardiac tissue far from both the electrodes and heart surfaces require elucidation. Bidomain theory explains this phenomena through the existence of intramural virtual electrodes (VEs), caused by discontinuities in myocardial tissue structure. In this study, we assess the modeling components essential in constructing a finite-element cardiac tissue model including blood vessels from high-resolution magnetic resonance data and investigate the specific role played by coronary vasculature in VE formation, which currently remains largely unknown. We use a novel method for assigning histologically based fiber architecture around intramural structures and include an experimentally derived vessel lumen wall conductance within the model. Shock-tissue interaction in the presence of vessels is assessed through comparison with a simplified model lacking intramural structures. Results indicate that VEs form around blood vessels for shocks >8 V/cm. The magnitude of induced polarizations is attenuated by realistic representation of fiber negotiation around vessel cavities, as well as the insulating effects of the vessel lumen wall. Furthermore, VEs formed around large subepicardial vessels reduce epicardial polarization levels. In conclusion, we have found that coronary vasculature acts as an important substrate for VE formation, which may help interpretation of optical mapping data.
nating lethal cardiac arrhythmias. However, our understanding of how externally applied electric fields interact with cardiac tissue structure to successfully activate a sufficient mass of myocardium (>80%-90% [1] , [2] ), especially tissue distant from external surfaces, remains incomplete.
Theoretical considerations based on the bidomain theory provide an explanation for experimental observations of oppositely polarized shock-induced regions throughout the myocardium distant from physical electrodes, as if caused by "virtual electrodes" (VEs). It has been postulated that such far-field VE polarizations (VEPs) in the tissue bulk arise due to heterogeneity in either applied electric field or tissue structure [3] . Since heterogeneity in the applied field quickly attenuates in the farfield, the primary mechanism for bulk VEP is thought to be structural heterogeneity in the tissue either arising from syncytial heterogeneities [4] (provided the necessary condition of unequal anisotropy ratios is met [3] ) or resistive discontinuities. Essentially, for shock-induced intracellular current to traverse a resistive discontinuity, current must exit the intracellular domain on one side (passing into the extracellular domain) and re-enter it on the other, depolarizing one side of the structure, and hyperpolarizing the other [5] . Resistive discontinuities are found in the intracellular space at various spatial scales including gap junctions [6] , blood vessels, interstitial clefts [7] , fatty/connective tissue deposits, and fiber branching/anastomosis. Syncytial heterogeneities [4] include fiber rotation and curvature [8] .
Direct experimental evidence of intramural VEs remains inconclusive. Optical measurements are limited, since they cannot directly relate changes in recorded transmembrane voltage to specific underlying intramural structures within the 3-D volume of the myocardial wall, have insufficient resolution, and are restricted to surface measurements. In addition, optical recordings contain artifacts, such as artificially created boundary conditions [9] , [10] and distortion due to photon scattering [11] . Nonetheless, indirect experimental approaches have provided important insights into the interaction of fine-scale tissue structures and external electric fields. Microscopically, myocyte monolayer studies have demonstrated VEs induced around inexcitable clefts [12] . Macroscopically, optical mapping of isolated left ventricle (LV) wall wedge preparations has demonstrated shock-induced isolated regions of positive and negative polarizations within the bulk of the wall, distant from the surfaces [9] , [13] . Thus, given the difficulties of optical mapping, computational models may be beneficial.
Blood vessels represent the largest discontinuities within the myocardial wall, occupying a significant volume, and thus, presenting an important, yet hereto uninvestigated, substrate for VEs. Recent advances in MRI [14] have facilitated the inclusion of unprecedented levels of anatomical detail, including representations of the coronary vascular system within whole ventricular computational models [15] , [16] . However, recent histological analysis [14] , [17] has highlighted two important features, yet to be incorporated into such models: 1) a relatively thick vessel lumen wall bounded by connective tissue, through which the passage of current has yet to be experimentally characterized, and 2) that myofibers negotiate around vessels and do not originate/terminate at them. Such changes in fiber orientation affect VE formation, and therefore, represent important modeling considerations. Furthermore, the level of detail by which fiber architecture around vessels needs to be represented within models is also not known, as neither rule-based methods for fiber vector assignment [18] , nor diffusion tensor magnetic resonance (MR) [14] can provide high levels of detail around intramural structures.
In this study, we aim to: 1) assess the essential methodological modeling aspects necessary to faithfully incorporate a highly detailed, experimentally based representation of blood vessels within a high-resolution MR-derived computational finiteelement model and 2) quantify the shock-tissue interaction due to the presence of vessels, and the specific microstructural tissue architecture surrounding them during external electric field stimulation. We hypothesize that large discontinuities represented by vessel cavities provide an important substrate for secondary source formation, and that fine-scale structure around vessels will significantly influence the magnitude of the witnessed effects.
To achieve our objectives, direct experimental measurements of vessel lumen wall conductivity are performed to parameterize the finite-element model. A novel rule-based method for assigning histologically realistic microstructural fiber architecture around intramural obstacles is presented. Bidomain simulations are performed to quantify the transmembrane potential response to externally applied electric shocks of varying strength, and dissect the mechanisms by which the spatial distribution of polarization relates to underlying histo-anatomical tissue architecture. The specific role played by the vessels is analyzed through comparison with a simplified equivalent model lacking any intramural structures.
II. METHODS

A. Experimental Measurement of Vessel Wall Conductivity
1) Experimental Setup:
Long, unbranched segments of leftcoronary artery and right-anterior-descending artery were dissected from excised hearts of young New Zealand white rabbits. Excess fatty and connective tissues were carefully removed, and the vessel segments were cannulated with a U-shaped, 30-gauge wire electrode. Vessel segments were lowered into a bath of saline solution such that the base of the vessel segment was submerged. A 20-kHz sinuosoidal voltage, with peak-to-peak amplitude of 5-10 V, was applied between the electrode and bath. The open ends of the vessel segment were kept above the surface of the bath and plugged with silicon, ensuring that all current passed through the vessel walls. The current was recorded for varying voltage levels and used to calculate the resistance of the sample for different submersion depths.
2) Calculation of Conductivity: For a length of cylindrical vessel submerged (s), the conductivity of the sample (σ) can be derived from the following expression:
where R is the measured resistance, l is the thickness of the vessel wall (the direction through which current passes), and d is the vessel diameter. Conductivity values were calculated for different submersion depths (between 40%-90% total segment length) for each vessel segment. l was derived from d using a wall thickness-to-cavity diameter ratio of 0.036 [19] . Mean conductivity across the vessel wall, averaged over all samples (n = 8) was 0.010 ± 0.003 S/m.
B. Computational Model Generation
1) Geometrical Model Construction:
A finite-element model of an LV wedge preparation was generated directly from a previously published high-resolution rabbit MR dataset (voxel resolution ≈25 µm isotropic) [15] . The full resolution gray-scale MR data was first segmented [15] to create a binary (0,1) voxel image stack, discriminating between tissue and nontissue. The segmented dataset was cropped to produce an LV wedge [see Fig. 1(a) ] and papillary muscles manually removed, in line with experimental wedge preparation procedures [13] . Blood vessel cavities within the wedge were identified using a connected component algorithm applied to the segmented image stack, through manual selection of seed points at the top of main vessel trees. Referral back to the MR dataset allowed the delineated branches to be identified as arteries or veins. Corresponding numerical tags were then applied to the connected voxel components representing the artery/vein cavities to distinguish them from myocardial tissue or other background material.
The mesh generation software Tarantula (www.meshing.at), which is based upon a earlier published algorithm [20] , was used to generate a tetrahedral finite-element mesh directly from the segmented (and tagged) voxel image stack. The total mesh produced (consisting of myocardial tissue, plus surrounding bath volume) consisted of 2 141 926 nodes defining 12 629 186 tetrahedral elements with a mean edge length of 63.3 µm (standard deviation 14.0 µm). Fig. 1(c) shows the vessel tree structures contained within the mesh (arteries shown red, veins blue). Vessel structures identified in the model ranged from approximately 50-500 µm in diameter.
2) Functional Representation of Blood Vessel Wall: To represent the reduced electrical conduction through the connective tissue of the vessel lumen wall, elements within the extracellular bath that directly bordered the blood vessel/myocardium interface were tagged and subsequently assigned distinct electrical properties. Fig. 1(d) shows discretization and property assignment of elements around a vessel.
C. Microscopic Representation of Cardiac Fiber Architecture
Cardiac fibers run primarily in a circumferential (or latitudinal) direction through the LV myocardial wall [i.e., approximately within the x-y plane of Fig. 1(b) ] with an additional inclination in the apex-base (or longitudinal) direction [18] , [21] . The inclination (or helix) angle α varies transmurally by approximately 120
• from epi-to endocardium, being approximately zero in the midwall [18] , [21] . Furthermore, and of key relevance to this study, fibers negotiate around intramural structures in a continuous manner [17] . Here, we use a method that successfully represents both of these fundamental aspects of fiber architecture in our model.
1) Laplace-Dirichlet Method:
An adapted version of the Laplace-Dirichlet method was implemented to assign cardiac fiber architecture. The method involves computing the solution of an electric potential Φ within the tissue between two electrodes using Laplace's equation (∇ 2 Φ = 0), where isotropic conductivity is assumed. A voltage is assigned between the electrodes and no flux conditions are imposed on all other surfaces. Field lines will terminate only on the electrodes and be tangential to all other surfaces. The resulting potential gradient will be smooth and globally point from one electrode to the other, but importantly, navigate around local discontinuities, i.e., holes in the tissue. By solving for two electrode configurations, which are orthogonal to each another, a basis set can be constructed that describes the transmural, apicobasal, and circumferential fiber components.
2) Application of Laplace-Dirichlet Method to Wedge Model: The Laplace-Dirichlet method was used with electrode configurations placed: 1) at the two vertical cut transmural faces of the wedge to produce a circumferential electric field (see Fig. 2 (a), left) and 2) at the two horizontal cut faces of the wedge to produce a field in an apex-base direction (see Fig. 2 
(b), left).
Computation of the gradient of the potential at each element thus gave, in Fig. 2(a) , the local circumferential direction, which can be thought of as the "default" fiber vector direction in the absence of a transmural helix angle, termed f c , and in Fig. 2(b) , the local apex-base vector direction, termed f a . The inset panels of Fig. 2 (a) and (b) (right) show how in each case the gradient vectors successfully negotiate the intramural structures, as required.
In order to incline the default circumferential vector by α to give the real fiber vector f , a linear combination of the unit vectorsf c andf a was formed
where γ is a scaling factor whose value depends on α (i.e., γ = tan α). For example, forf c andf a being perpendicular to one another, as is the case in the bulk of the myocardium away from intramural structural discontinuities, and the required α = π/4, gives a value of γ = 1. f is then renormalized to a unit vector. This method has the distinct advantage that the local circumferential and apex-base direction, defined by the gradient vectors of the two Laplace solves, both successfully negotiate around the intramural cavities within the mesh, i.e., they are always tangential to the cavity wall. Thus, forming a linear combination of the two vectors ensures the resulting vectors never penetrate into any intramural cavity. The functional form of the transmural variation of α through the myocardial wall, used to calculate β in (2), was derived according to the cubic law proposed by Potse et al. [18] 3 , where e is the normalized transmural distance through the myocardial wall given by e = d endo /(d epi + d endo ), with d endo and d epi being the minimum respective distances to the endocardial and epicardial walls. Fig. 3 shows a representation of the final fiber vectors within the computational model in a transmural slice along the x-y plane, with the color bar representing the out-of-plane component of the fiber vectors. As can be seen, the aforementioned rule-based method successfully accounts for the transmural variation in helix angle, seen by the change in vector color from epicardium to endocardium, as well as the continuous fiber structure around intramural cavities, clearly shown in the highlighted region in Fig. 3 , right.
D. Modeling Electrical Activation 1) Governing Equations:
Electrical activation throughout the ventricular model was simulated using the bidomain equations [6] 
∇σ e ∇φ e = −βI m − I e (4)
where φ i and φ e are the intracellular and extracellular potentials, respectively, V m = φ i − φ e is the transmembrane voltage, σ i andσ e are the intracellular and extracellular conductivity tensors, respectively, β is the membrane surface to volume ratio, I m is the transmembrane current density, I e is an extracellular stimuli, I S is a transmembrane stimulus, C m is the membrane capacitance per unit area, and I ion is the membrane ionic current density that depends on V m and a set of state variables η. At tissue boundaries, no flux boundary conditions are imposed for φ i with φ e being continuous. The tissue is surrounded by a conductive bath with no flux boundary conditions for φ e . Conductivities were set as in [15] . The vessel lumen wall (g lum e ) was assigned the experimentally derived value of conductivity found in Section II-A of 0.010 S/m (isotropic) in the Fig. 3(b) . extracellular domain. Conductivity of the surrounding extracellular bath (including bath within vessel cavities) was set to 1.0 S/m (isotropic), representing a perfused tissue arrangement. Cell membrane dynamics within the myocardial tissue were represented by a recent rabbit ventricular cell model [22] . To reproduce the asymmetry of the membrane response to strong shocks delivered during the plateau phase of the action potential, the cell model was further augmented [23] with two additional currents, an electroporation current and a hypothetical potassium current that activates at larger positive polarizations beyond +160 mV.
2) Computational Considerations: The bidomain equations were solved with the cardiac arrhythmia research package (CARP) [24] . The specifics of the numerical regimes used in CARP have been described extensively in [14] and [24] . Simulations were performed on the Oxford Supercomputing Center clusters. Visualization of results was performed with the customwritten Meshalyzer software.
E. Simulation Protocols and Analysis
1) Stimulation Protocol:
A transmembrane current pulse of 5 × 10 −3 µA/cm 3 was delivered over 1 ms duration via a pacing electrode (see Fig. 4 ) to elicit propagation in a circumferential direction. At 100 ms later (ensuring all tissue being refractory), a 5-ms-long monophasic shock of varying shock strength (SS) was applied via the electrode configuration (anode/ground) (see Fig. 4 ) to the extracellular bath. The specific corner-shaped electrode setup, with the electrode closest to the epicardium (by default the anode) having an edge length of 8 mm, compared to 0.6 mm for the endocardial electrode (ground), produced an approximate transmural field, in line with experimental configurations [9] . Shocks of 1, 4, 10, −10, and 20 V were used, resulting in corresponding field strengths of approximately 2, 8, 20, −20, and 40 V/cm, as the width of myocardial wall is approximately 0.5 cm throughout.
2) Comparison With Simplified Model:
To facilitate direct dissection of the role played by intramural structures, a simplified model was also produced in which all intramural cavities (blood vessels, extracellular cleft spaces) were filled in at the segmentation stage, prior to meshing. The simplified model contained only myocardial tissue throughout, and had fiber architecture assigned using the same rule-based approach described in Section II-C. Identical stimulation protocols were applied to both complex and simplified models throughout via similarly placed electrodes.
3) Comparison With Discontinuous Fiber Architecture:
To assess the importance of the continuous negotiation of cardiac fibers around intramural cavities, an additional version of the complex model was produced containing a discontinuous fiber field. To achieve this, fiber vectors were mapped-over directly from the simplified model using a nearest neighbor approach on element centroids. Fig. 4(b) shows this discontinuous fiber structure in the same highlighted area as in Fig. 3 . Unless otherwise stated, the fully continuous representation of fiber architecture within the model (described in Section II-C and shown in Fig. 3 ) was used.
4) Data Analysis: Shock-end V m levels and distributions were compared for different SSs between the two aforementioned models. Changes in V m levels induced by the shock, δV m (defined as δV m = V shock-end m − V shock-onset m ), were examined throughout intramural and epicardial regions of the models. The intramural region is defined to contain all nodes in the finite-element model, which have normalized transmural distances of 0.25 < e < 0.75, tissue sufficiently distant from external surfaces are considered unaffected by the direct action of the shock [9] , [10] . The epicardial region is defined to contain nodes only residing on the epicardial surface, a common recording site in optical mapping measurements of shock-end VEPs. In both cases, points within ±1 mm of the cut transmural surfaces were not included in the analysis to eliminate edge effects. Fig. 5 shows the shock-end V m distributions within both complex and simple models following shocks of SS 1, 4, 10, −10, and 20 V. For weak shocks (1 V), both models show very little effect of the stimulus, with the vast majority of tissue remaining at the preshock polarization state (approximately − 10 mV, yellow in color scheme). The exception to this is the appearance of small light blue regions on endocardial surfaces, corresponding to a slight hyperpolarizing effect of the shock in these areas.
III. RESULTS
A. Localized Effects of Vessels in Shock Application
1) Qualitative Effects of Shock:
At intermediate shocks (4 V), the effect of the external stimulus now causes significant depolarization of tissue on the epicardial surface and hypolarization on the endocardial surface to a similar extent in both models. However, tissue within the mid-myocardial wall remains largely unaffected in both cases. Furthermore, a heterogeneous distribution of polarization levels occurs within the tissue at the two points of insertion of a trabeculation (briefly detached from the endocardial surface) labeled in Fig. 5 (SS 4 V, simple model) . Where the trabeculation becomes fully detached from the surface, the tubelike structure is seen to form small VEs, with the anodal side depolarized and the cathodal side hyperpolarized. Fig. 5 also shows that for strong shocks (SS 10 and 20 V), the stimulus causes significant depolarization/hyperpolarization of epicardial/endocardial surfaces, respectively, in both models, increasing with SS. However, strong shocks produce significant mid-myocardial effects in the complex model not present in the simplified model, through the formation of VEs surrounding intramural structures, which become more pronounced at higher strengths. Finally, reversing the shock polarity results in a reversal of the aforementioned effects: the endocardium becomes depolarized, the epicardium hyperpolarized, and all of the small-scale VEs (on the trabeculation and surrounding intramural structures) also switch polarity (see Fig. 5 ).
2) Quantitative Effects of Shock: Transmural V m profiles were constructed along the dashed line A shown in Fig. 6(a) Fig. 6(b) and (c) shows that as SS increases, both models predict progressively stronger hyperpolarization levels on the endocardium (up to approximately−200 mV for SS 20 V), with more strongly depolarized V m on the epicardium (up to approximately100 mV for SS 20 V). Between the endocardium and midwall, both models predict very similar transmural V m profiles due to the distinct absence of intramural structures along the first part of line A [seen in Fig. 6(a) ], and therefore, the two models are both geometrically the same here, with similar fiber orientations. In both cases, tissue appears to be significantly activated by the shock up until e ≈ 0.25, corresponding to 0.98 mm from the endocardial tissue-bath interface. Such an observation agrees with theoretical predictions for the falloff in activated tissue after a few electrotonic space constants (0.3-0.5 mm [5] ).
However, Fig. 6(a) shows that line A encounters two large subepicardial blood vessels (e ≈ 0.85-1.0), and runs close to a further two smaller vessels (e ≈ 0.4-0.6). Consequently, multiple inflections are seen in the complex model V m profile in Fig. 6 (b) in these regions, the magnitude of which increase with SS, with the simplified profile continuing to vary smoothly [see Fig. 6(c) ]. These sudden inflections arise due to regions of strong positive/negative polarization induced toward the cavity edges of the vessels (as seen in Fig. 5 ). As seen in the plots, the magnitude of V m on either side of the vessel cavity can reach over ±70 mV in regions, where polarization levels predicted by the smoothly varying simplified model profile remain ∼0 mV (e.g., at e ≈ 0.8). Furthermore, the increase in the magnitude of inflections in V m across a vessel cavity with SS is underscored by Fig. 6(d) , which further shows that the maximum V m induced around a vessel also increases with vessel diameter. For example, for SS20, maximum δV m on a large vessel (640 µm diameter) is 71.6 mV, compared to 44.9 mV and 9.5 mV for a medium (440 µm) and small (210 µm) vessel, respectively. Finally, for stronger shocks (SS 10 and 20 V), Fig. 6(b) shows that large subepicardial vessels attenuate polarization levels experienced on the epicardial surface in the complex, compared to the simplified model.
B. Implications of Presence of Vessels in Bulk Myocardium
Here, we quantify how the introduction of secondary sources by vessel structures following shocks affects overall polarization levels of the bulk myocardium. Fig. 7 (left) quantifies the percentage of nodes in the intramural region with δV m negatively affected (< −10 mV, blue), relatively unaffected (between −10 and 10 mV, green), and positively affected (>10 mV, yellow) by the shock for all positive SS for the complex (left) and simple (right) models. For weak (1 V) and intermediate (4 V) shocks, almost the entire intramural regions in both models are relatively unaffected by the shock: 100% and 98.9% of the intramural region have −10 < δV m < 10 for SS of 1 and 4 V, respectively, for the complex model and 100% and 100% for the simplified model. However, for stronger shocks, these values become significantly reduced in the complex model, as a larger proportion of intramural nodes are directly activated by the shock due to the widespread presence of secondary sources: for SS of 10 V, 88.6% of the intramural region have −10 < δV m < 10, which is further reduced to just 67.1% for a SS of 20 V. In contrast, the absence of secondary sources in the simplified model leads to this percentage remaining consistently high at 98.7% and 89.7% for 10 V and 20 V shocks, respectively. Fig. 7 (right) quantifies the percentage of nodes in the epicardial region with δV m levels < 50 mV (blue), between 50 and 150 mV (green), and > 150 mV (yellow). As observed in Fig. 5 , for weak shocks (1 V), the entire tissue, including the epicardial surface, is relatively unaffected by the shock in both models: 100% of epicardial nodes have δV m < 50 V in the complex model, which is matched in the simplified model (100%). As SS increases, the percentage of nodes with stronger polarization levels increases in both models. However, the combination of a large number of large subepicardial vessels in the complex model, along with the formation of VEs around these vessels for stronger shocks (with the hyperpolarized tissue on 
C. Role of Connective Tissue Lumen Wall in Far-Field Effects
To investigate the specific effect of the change in extracellular conductivity across the vessel wall measured in Section II-A on the surrounding tissue, the aforementioned protocols were repeated, varying the value of g lum e . First, the effect of not modeling the presence of the lumen wall at all was examined. Fig. 8(a) (left) shows the shock-end V m distribution for SS of 20 V (to provide an upper limit on the effects seen) for g lum e = 1.0 S/m, i.e., equal to the conductivity of the surrounding bath within the cavity, termed the normal case. Here, the specific distribution of V m within the tissue appears similar to that seen in Fig. 5 (SS 20 V, complex model), where g lum e = 0.010 S/m (the experimentally obtained value). However, important differences do exist which are quantified in Fig. 8(a) (right) showing a difference map of the magnitude of the shock-end V m distribution in the normal case, relative to the experimentally derived case, i.e., V m distribution of Fig. 8(a) (left) minus that of Fig. 5 (SS 20 V, complex model). The difference map demonstrates that the majority of the tissue shows almost no difference at all between the two protocols (green in color scale). However, significant differences localized around vessel cavities (shown by the highlighted region) are present, generally with magnitudes of < ±50 mV, although max/min differences within the entire domain were 110.6/−121.7 mV. Comparing left and right panels of Fig. 8(a) , we note that the insulating effect of the lumen wall acts to modulate the magnitude of secondary sources around the vessels: not representing the lumen reduces the extent of the intramural region experiencing changes in polarization levels of −10 mV < δV m < 10 mV from 67.1% (see Fig. 7 ) to 57.7%, and reduces the percentage of epicardial nodes experiencing δV m > 150 mV from 60.9% to 46.6%. Second, potential variability in the experimentally derived vessel lumen wall conductivity was investigated. Fig. 8(b) quantifies the effect of such changes in g by factors of 100 (left) and 10 (center) produces relatively small changes in the difference map (max/min differences were 9.4/−11.5 mV and 8.5/−10.1 mV, respectively), whereas increasing g lum e by a factor of 10 (right) produces a more significant change (max/min differences were 51.1/−45.8 mV. Note that increasing g lum e by 100 was not examined, as this is close to the normal case value of g lum e examined in Fig. 8(a) .
D. Role of Microscopic Fiber Structure in Far-Field Effects
To evaluate the importance of the continuous negotiation of cardiac fibers around intramural structures, the protocol was repeated using the discontinuous representation of fiber architecture. Fig. 9(a) shows the shock-end V m distribution within the complex model, incorporating the discontinuous fiber structure, for SS 20 V. A highlighted area, showing the formation of a far-field VE around a major blood vessel, is shown (bottomleft); for comparison, the same highlighted region from Fig. 5 (SS 20 V) is also shown (bottom-right). Evident in these highlighted regions is that a discontinuous fiber structure within the model significantly accentuates the formation of VEs around vessel cavities, increasing the spatial extent of tissue experiencing hyperpolarization/depolarization in the neighborhood of the vessel, relative to the continuous case. Such qualitative observations are quantified in Fig. 9(b) , showing a difference map of the shock-end V m levels within the discontinuous relative to the continuous fiber model. Here, differences are largely confined to the vicinity of intramural cavities, in many places reaching levels of over +50/−50 mV. Regions away from such structures, however, are seen to have a difference close to 0 mV. The max/min difference throughout the model is 108.4/−150.3 mV.
Furthermore, the percentage of nodes within the intramural region experiencing changes in polarization levels of −10 mV < δV m < 10 mV decreases from 67.1% (see Fig. 7 ) to 63.7% using the discontinuous representation, thus showing that the latter approach overestimates the volume of intramural tissue activated by the shock relative to the continuous case. Furthermore, for vessels close to the epicardial surface, the increase in the spatial extent of hyperpolarized tissue on the anodal side of the vessel is seen to further modulate the magnitude of the strong positively induced polarization close to the epicardial surface in that region, demonstrated by the two highlighted regions in Fig. 9(b) (bottom) . This in turn leads to a reduction of the percentage of epicardial nodes experiencing δV m > 150 mV, being reduced from 60.9% in the continuous case to 51.7% in the discontinuous case.
IV. DISCUSSION
Large-scale intramural discontinuities, such as blood vessels, have been suggested to provide an important substrate in the formation of intramural VEs, facilitating activation of the bulk myocardium, and hence, successful defibrillation [5] , [9] , [12] . However, direct experimental evidence of the mechanistic role played by such structures is lacking, due to the challenges of faithfully recording the effect of intramural discontinuities of different spatial scales, and relating the measurements to underlying 3-D myocardial structure. This present study sought to address these issues by incorporating a histo-anatomically based representation of coronary blood vessels within a computational LV wedge model to perform quantitative investigation into the shock-tissue interaction in the presence of vessels during external field stimulation.
A. Blood Vessels and Secondary Source Formation During Shocks
Earlier experimental optical mapping studies have highlighted the existence of positive and negative regions of polarization within the intramural wall during shock application in LV wedge preparations [9] , [13] , [25] . However, due to the 2-D nature of surface recordings, combined with limitations in optical resolution and inherent distortions present in the mapping technique, associating the VEs recorded with specific underlying anatomical features within the sample has so far not been possible. Here, we have demonstrated that shock-induced VEs form around discontinuities represented by intramural blood vessels, as well as large extracellular cleft spaces also present in the model (as shown in Fig. 5 ). The magnitude and distribution of these secondary sources was seen to increase with SS, and reversed sign upon reversal of shock polarity, in accordance with experimental findings [9] . Furthermore, the existence of intramural VEs have been indirectly characterized experimentally by the existence of sharp inflections in the shock-end δV m profile transmurally across the wall [9] , [12] and by an increase in the intramural mapped tissue area directly activated by the shock with SS [9] . The findings from this study, chiefly in Figs. 6 and 7, qualitatively agree with these earlier experimental observations [9] , [12] , as well as computational studies using geometrically simplistic LV wedge representations [10] .
Finally, the formation of intramural VEs (both qualitatively in Fig. 5 and quantitatively in Figs. 6 and 7) became only significantly apparent between SS of 8-20 V/cm. Although not precisely identified here, this SS range also correlates closely with the lower SS limit required to successfully defibrillate real tissue [26] , and thus, the role of intramural discontinuities such as vessels could provide an explanation for the effectiveness of clinically used defibrillation shocks of 6-10 V/cm.
B. Implications for Epicardial V m Recordings
Our results show that the locality of large coronary vessels with the epicardial surface significantly attenuates the shockinduced polarization experienced by the epicardium due to the formation of VEs around the vessel perimeter. During anodal shocks, the epicardial surface of the ventricular wall is strongly depolarized. However, as VEs form around the vessels, proximal tissue on the epicardial side of the vessel becomes hyperpolarized, while tissue on the endocardial side is depolarized. In the case of subepicardial vessels, the close proximity of these virtual cathodes on the epicardial side of the vessel with the strongly depolarized epicardial surface acts to modulate the polarization experienced by tissue on the epicardium itself. Due to the large number of vessels close to the epicardium, such an effect was seen to reduce the polarization of the epicardium as a whole (see Fig. 7 ), as well as occurring as a localized effect around a specific vessel (see Fig. 6 ).
Knowledge of how subepicardial vessels affect surface recordings of V m during shocks could have important implications in the interpretation of epicardial optical mapping recordings [25] . Specifically, it could help to explain earlier discrepancies in the quantitative comparison between optical recordings and computational simulations using more simplified models lacking intramural structures [11] . Earlier simulation studies have successfully demonstrated how the distortive averaging effect, resulting from photon scattering inherent to the optical mapping technique, acts to modulate the apparent optically recorded epicardial shock-end VEP [11] . Nonetheless, there still exists a disparity between simulation and experiment, with simplified models still overestimating the magnitude of the shock-induced epicardial response. Considering the evidence presented in this study, we believe that the inclusion of intramural structures could account for such quantitative differences in shock-end measurements, which thus represents an important consideration in future combined studies and experimentally driven analysis of tissue-shock interaction during defibrillation.
C. Role of Histo-Anatomical Microstructure Around Vessels
As computational cardiac models include ever-increasing levels of histo-anatomical details [7] , [14] , [15] , [16] , fueled by advances in cardiac imaging techniques and our computational abilities, it is becoming increasingly important to correctly parameterize these models in order to faithfully represent the function of these additional structural features. For example, although some of the most recent cardiac models have contained representations of blood vessel structures [7] , [15] , [16] , [27] , none have included the effects, in a model parameter sense, of the insulating effects of the vessel lumen wall, known from histological analysis to contain thick layers of connective tissue [14] , [17] . For the first time, we have experimentally measured the conductivity of the vessel lumen wall of rabbit coronary arteries (measured value 0.010 S/m), and used this to parameterize the vessel cavity/myocardium interface within our computational LV wedge model.
Our results have demonstrated that the faithful representation of the vessel lumen wall is an important parameter to include within anatomically complex models when examining the effects of external shocks on blood vessels. We have shown that the insulating effects of the lumen wall act to attenuate the formation of VEs within the myocardium. We believe that, due to the reduced conductivity within the wall (represented by g lum e ), it becomes less preferential for current within the tissue to traverse the discontinuity (represented by the vessel) by passing through the lumen wall into the cavity and back on the other side. Thus, more of the shock-induced current remains within the tissue domain, although redistribution between intra-/extracellular spaces also occurs. In the case, where no lumen is represented within the model, this low-resistance pathway (directly through the cavity) encourages redistribution of current between domains, as the conductivity of the bath is significantly higher (1.0 S/m) than either the intra-/extracellular conductivity of the tissue, accentuating the formation of VEs [see Fig. 8(a) ]. Furthermore, our parameter sensitivity analysis [see Fig. 8(b) ] showed relatively small changes in overall VE effects, as g lum e was varied over an order of magnitude of the experimentally derived value, and thus, we believe that any small differences in effective g lum e between arteries and veins will have little influence on the results presented. However, as g lum e becomes approximately greater than the tissue conductivities, more current passes through into the vessel cavity and VE effects become greater [see Fig. 8(a) ].
A further anatomical consideration when incorporating vessels into computational cardiac models is the faithful representation of the smooth negotiation of fibers around intramural blood vessels [17] . The novel rule-based method, developed in this study, for incorporating such detailed fiber architecture has allowed its incorporation into our MR-derived wedge model. Our results demonstrate that the magnitude and distribution of VEs induced around vessels following shocks was significantly reduced with accurate negotiation of myofibers, compared to when the structures are ignored and fibers are allowed to begin/terminate at vessel cavities. As fibers negotiate around vessels, the intracellular discontinuity represented by the vessel cavity is reduced. As such, it is preferential for intracellular current to pass around the structure within the smoothly negotiating domain of the myocardial tissue than to cross into the extracellular domain of the cavity and back again (forming a VE). The specific magnitude of this affect will, however, no doubt depend upon the individual size, shape, location, and orientation of the vessel, as well as strength of the applied shock. Our novel method for smooth fiber vector assignment represents, to date, the only means of incorporating such information into large-scale anatomically realistic computational models. As such it has allowed us to identify the significant importance of accurately representing fiber architecture in the vicinity of blood vessels, and other intramural structures, when investigating shock-tissue interactions.
D. Study Limitations
Direct quantitative comparison of simulation results to optical mapping recordings is difficult, primarily due to distortive effects of optical mapping [11] . We are currently developing modeling techniques to simulate optical signals from anatomically complex models. Thus, our aim here has been to relate secondary source formation to histo-anatomical structure, to aid interpretation of future experimental investigations. Future validation will involve comparison of postshock total activation times with earlier experimental recordings [13] , and in depth analysis of activation sequences following shock.
Although our MR-derived model contains larger extracellular cleft spaces, it does not contain fine-scale detail regarding intermyolaminar clefts, as seen in histological reconstruction models [7] , [27] . This results from higher resolution of histology, combined with preprocessing, which dehydrates tissue, reducing myocyte volume, and exacerbating apparent cleft sizes. While clefts are undoubtedly found throughout the myocardium and have been identified as an important substrate for secondary sources [12] , it remains an open question as to what extent the accentuated cleft size affects VE formation.
V. CONCLUSION
In summary, this study has furthered our understanding of the importance of the coronary vasculature during defibrillation. Through the development of a high-resolution LV wedge model, containing faithful structural and functional representations of intramural blood vessels, we have shown how the discontinuities caused by vessel structures act as a substrate for the formation of intramural VEs, the magnitude and distribution of which depend strongly on the specific myofiber orientation around the vessels, as well as the insulating effects of the lumen wall conductivity. Consequently, these regions of strongly polarized tissue facilitate bulk activation of the LV wall, as well as reduction of polarization recorded from the epicardial surface. These findings have important implications for the future construction of highly detailed cardiac models, the interpretation of optical mapping recordings of tissue-shock interactions, and defibrillation mechanisms. His research interest include using biophysical modeling to explore the role of the Purkinje system in the development, maintenance, and termination of life-threatening cardiac arrhythmias.
